Abstract-A one-dimensional (1D) numerical model has been previously developed to investigate the hemodynamics of blood flow in the entire human vascular network. In the current work, an experimental study of water-glycerin mixture flow in a 3D-printed silicone model of an anatomically accurate, complete circle of Willis (CoW) was conducted to investigate the flow characteristics in comparison with the simulated results by the 1D numerical model. In the experiment, the transient flow and pressure waveforms were measured at 13 selected segments within the flow network for comparisons. In the 1D simulation, the initial parameters of the vessel network were obtained by a direct measurement of the tubes in the experimental setup. The results verified that the 1D numerical model is able to capture the main features of the experimental pressure and flow waveforms with good reliability. The mean flow rates measurement results agree with the predictions of the 1D model with an overall difference of less than 1%. Further experiment might be needed to validate the 1D model in capturing pressure waveforms.
INTRODUCTION
The one-dimensional (1D) numerical models have been increasingly used to provide a quick understanding of the hemodynamics of blood flow in the vascular network. 1, 3, 5, 6, 11, 16, 20, 26, 27, 34 The hemodynamics of blood flow in variations of the CoW has been investigated through 1D numerical simulations. 1, 2, 10, 14, [17] [18] [19] The CoW was found to display different types of anatomical variations. For instance, an incomplete CoW with missing LACA_I, the flow rate in the LICA is decreased about 10%, while the flow rate in the RICA is increased about the same amount of blood. This excessive blood causes vasodilation in the anterior communicating artery to supply blood to the LACA_II. 17 This flow redirection due to the variations of the CoW was also observed in vitro. 10 Although the structure of the CoW is nonintact with missing one arterial segment, the blood perfusion for efferent arteries is almost unchanged. To accurately capture the in vivo flow data, applying the patientspecific arterial parameters as the initial conditions and regulating the terminal resistance can aid in reducing the difference of the mean flow rate between the 1D simulation and in vivo measurement. 35 The 1D model can also be used to study the vascular aging effects on the hemodynamics of blood flow in the CoW. 31, 33 The aging-induced variations of the flow rate waveform in the CoW were applied as the inflow boundary conditions for the 3D CFD simulation to discover the hemodynamic parameters in cerebral aneurysms. 32, 33 To validate the 1D model, an experimental study of the hemodynamics in a rigid physical cerebrovascular model was conducted and the measurement data was compared with the simulated results obtained from a lumped parameter model by Cieslicki et al. 7 It was demonstrated that the mean values of the pressure and flow rate distributions can be well predicted by the lumped parameter model as well. Validation of the 1D model toward unsteady flow has been implemented by comparing the simulated pressure and flow rate waveforms against in vitro and/or in vivo data. 9, 18, 29, 30 A patient-specific 1D model was reconstructed by Reymond et al. and able to predict the measured pressure and flow rate in specific arteries. 29 Discrepancies occurred in the systolic peak may be attributed to the wave reflection from the peripheral sites due to the distensibility of distal vessels and terminal resistance. Tuning the compliance for specific vessels and terminal resistance at the outflow boundary can aid in improving the simulation results.. 28, 29 It was emphasized that an in vitro experimental study was necessary to validate the 1D model. Flow and pressure were measured in a silicone vessel network of cardiovascular arterial model and compared with the 1D simulation results. 1, 23 The results indicated that the 1D model is able to reliably capture the main features of the measured flow and pressure waveforms. 21 Precisely predicting the flow and pressure waveforms aids in understanding the hemodynamic changes induced by cerebrovascular diseases and their effects on the global vessel network. Considering the importance of the 1D modelling of the blood flow, it is key to validate the 1D model in capturing the hemodynamics in the cerebrovascular network. Evaluating the 1D model quantitatively against in vivo measurements still remains a challenge since the accurate individual physiological arterial wall properties are difficult to determine. Thus, the purpose of the current research is to address this paucity of the validation study through quantifying the accuracy of our previous numerical model using in vitro experimental data for the same CoW configuration. The validation primarily focused on the key dynamic features of the mass flow and pressure waveforms. A closed-loop, cerebrovascular circulation, experimental model was established in the present work aiming to validate the accuracy of the previously published 1D numerical model. The description of the experimental setup and methodology of the 1D numerical model are introduced. The results target the comparisons of the flow rate and pressure waveforms at various anatomic/model locations between the 1D numerical model and the experiment.
MATERIALS AND METHODS

3D Phantom Model of the Cow
A patient-specific complete textbook-type CoW model has been created based on the 3D rotational digital subtraction angiographic (DSA) images as shown in Fig. 1 . 3D rotational DSA image databases of the CoW are available through a long-term collaboration with Miami Valley Hospital of Premier Health in Dayton, Ohio. The complexity and small dimension of original image-based physiological CoW model didn't satisfy the requirements for 3D-printing, and therefore the original image-based 3D model was repaired and smoothed to a well-shaped and complete CoW model. An enlargement transition section from the original size to a closed standard tube size at each end was added to enable the connection to standard connectors. The final physical compliant silicone model of the CoW (isotropic thickness of 1.5 mm) was 3D printed using a prototype machine at Medisim Corporation as presented in Fig. 2 . The compliant characteristics of the silicone model aims to potentially reflect the effects of the physiological vessel deformation on the pressure and flow rate waveforms. The silicone used in the modeling has; a refraction index of 1.41, an elongation percent of 350%, a tensile strength of 4.3 MPa, and a linear elastic Young's modulus of 1.5 MPa.
Cerebral Circulation Network Model
As the flow network shows in Fig. 2 , a simplified closed loop cerebrovascular circulation network was established using: a pulsatile pump (Harvard Apparatus Pulsatile Blood Pump), an overflow reservoir, a silicone model of the CoW, bifurcation connectors, and multiple terminal flow control valves. The silicone model of the CoW was constructed of four afferent vessels including bilateral ICAs and vertebral arteries (VA), and six efferent vessels including bilateral posterior cerebral arteries (PCA), middle cerebral arteries (MCA), and anterior cerebral arteries (ACA). The dimension modifications of the four afferent and six efferent vessels of the silicone model were made in order for connecting with standard connectors and Tygon tubing, which was used to connect the CoW model to the artificial heart (pump) and overflow reservoir serving as the transitional components to complete the network, providing a. Overall, the current cerebral circulation network consists of 59 branches are in vivo branches of the CoW shown in Fig. 3 ), as shown in Fig. 2 .
Experimental Flow Conditions
The Harvard pump was set to output a periodic pulsatile flow wave with the mean flow rate of approximate 16 mL/s, which is falling into the range of the total flow rate entering the CoW of an average human. 13 The pulsatile pump was set with the following settings to generate the inflow conditions: 60 beats per minute with a systolic to diastolic ratio of 35/ 65 with respect to time. Flow control valves were installed at the terminals of the tubes to control the flow rates and back pressures. The resistor was directly connected to an overflow reservoir to generate a constant distal pressure. The use of a single resistance at distal terminals, instead of considering compliance-resistance, aims to simplify the quantification of the parameters. Even though the compliance component could reduce the non-physiological wave reflection upstream, this effect was neglected to allow for simplification. 22 The working fluid was made by mixing water with glycerol at the ratio of 75/25 by weight. The density of the fluid was measured as 1050 ± 3.5 kg m 23 . The viscosity of the fluid was 0.0026 ± 0.0002 Pa s measured by a 100 mL graduated cylinder, a smooth solid sphere (diameter less than that of the graduated cylinder), and a stopwatch. For the detailed description of the measurement of the viscosity we refer readers to Appendix 1. 
Experimental Data Acquisition
The flow rate waveforms were measured using the ultrasonic flow meter (TS410 Tubing Flow Module, Transonic Systems Inc. Ithaca, NY, USA) with a flowsensor (ME 10 PXN) of 0.95 cm inner diameter (flow range: 2 10 to 10 L min 21 (standard flow), absolute uncertainty: ± 4% of reading, ultrasound frequency: 1.8 MHz). The pressure was measured simultaneously using the micro-tip catheter pressure sensor (3.5F, SPR-524, Millar Instruments, Houston, TX, USA), with a pressure range of 2 6.7 to 40 kPa, with an instrument uncertainty of 0.31 kPa.
The flow meter and pressure transducer were calibrated by collecting, over a set time interval, the discharge of the steady flow using hydraulic pressure measurements, respectively. The linear regression equation of the pressure and flow rate to the voltage were examined as follows:
where Q represents the volume flow rate, V represents the voltage output, and P represents the gauge pressure value. During the experiment, the pressure and flow rate data were sampled at 1000 Hz and collected through the software LabVIEW V2011 with an inhouse program to convert the voltage reading to flow rate (mL s 21 ) and pressure (Pa), respectively. The flow signal (both pressure and flow rate) has an approximate frequency of 1 Hz, and the resonance frequency of the measurement system is beyond 1000 Hz, therefore, the measured signal is falling into the transmission band with satisfactory frequency respond.
The experimental data was acquired at 13 locations, highlighted in red circles as shown in .86/402.14. It should be noted that the measurements couldn't be obtained within the silicone model due to the limited spaces for the flowsensor and tortuous vessel features for the micro-tip catheter. Phaseaveraging method was used to average the measured 150 sample waveforms of flow and pressure, respectively. The detailed description of the phase-averaging method we refer readers to Appendix 2. Experimental uncertainty was computed by combining the random and systematic errors at the 95% confidence level, 
, where S ran represents the random error and S sys represents the systematic error.
1D NUMERICAL MODEL
The one-dimensional governing equations for blood flowing in a vessel are given by Huang et al. and Yu et al. 16, 33 :
where A, Q, and P represent the cross-sectional area, the volume flux, and the average internal pressure, respectively; t is time; x is the axial coordinate along the vessel; a is kinetic energy coefficient, a value of 1 is used by assuming a uniform velocity distribution in cross section. The density and viscosity were specified as the same values as used in the experiment. f is the friction force per unit length of the vessel and can be defined as, f ¼ 2ðc þ 2ÞlpU, where U is the velocity in the axial direction. 4 The value of c is determined based on the assumption of the velocity profiles, where c ¼ 9 represents a blunt velocity profile and c ¼ 2 represents a parabolic velocity profile. In the experiment, the unsteady pulsatile flow waveform employed as the inflow boundary condition would produce turbulent flows both by bi-direction cross-flows (in communicating arteries and during end diastolic period) and flow separations (at junctions), and therefore a blunt velocity profile representing turbulent flows was assumed in the 1D model. Then, the friction term can be written as f ¼ 22lpU. 4 The Eqs. (3) and (4) were closed by a wall law to relate the internal pressure to the area of the crosssection of the vessel. In the Eq. (4), the internal pressure can be expressed as:
where P e is the external pressure, K x ð Þ represents the elastic properties of the vessel wall. P o represents the reference pressure at which A = A o .
The function [ x; t ð Þ and K x ð Þ are assumed of the forms:
where E x ð Þ represents the Young's modulus, h x ð Þ represents the thickness of the vessel wall, R x ð Þ represents the local radius, and v represents the Poisson ratio and is equal to 0.5. The equations used to describe the vessel junctions were formulated by Riemann variables, conservations of mass, and Bernoulli equation. 26 The terminal resistance was computed by using lumped parameter models (0D), which adopts a single R electrical analog model. The governing equation of the 0D model can be written as
, where Q 1D and P 1D are the flow rate and pressure at the outlets of the 1D model, herein, P out is the constant hydraulic pressure generated by the reservoir with zero Pa as the reference pressure by calibrating the pressure transducer. R T is the total peripheral resistance at the terminals of the 1D model, as shown in Table 1 . The terminal resistances were examined from the mean pressure and flow rate measured at the inlets and exits of the flow control valves in the experiment.
The 0D and 1D governing equations were solved using the optimal third-order total variation diminishing (TVD) Runge-Kutta method and shock-capturing TVD scheme. For the details of the numerical scheme, we refer readers to the previously published report. 17 The simulation parameters used in the 1D model was directly measured from the experiment setup, such as the length, radius, and thickness of vessels, as shown in Table 2 . It should be noted that the diameter defined in the 1D model was gradually changed along the vessel and expressed as a linear function of the length ratio for a vessel segment:
Þ : Inflow conditions were specified with the flow rate waveform measured from the exits of the pulsatile pump. The Young's modulus of the Tygon and the silicone tubing were set as 6.7 MPa and 1.5 MPa which were measured experimentally as 6:73 AE 0:12 MPa and 1:51 AE 0:02 MPa, respectively. Radius in denotes the proximal radius, Radius out the distal radius of the vessel segment, and h denotes the thickness of the vessels.
BIOMEDICAL ENGINEERING SOCIETY
RESULTS
The main 3D flow features with inlets and exits highlighted in the CoW model was presented in Fig. 3 , and the label number of the vessels is corresponding to the diagram in Fig. 2 . The flow pathway was highlighted using two different colors of dye (blue for right and red for left arteries), light blue and purple color were observed in the mixing region. The in vitro flow and pressure waveforms in the afferent and efferent vessels of the simplified, artificial, cerebral circulation model were measured and presented in Figs. 4, 5, 6 , and 7. The instantaneous waveforms of pressure shown in Fig. 4 display smooth curves in periodic cardiac cycles, whereas the flow waveforms demonstrate major fluctuations around the systolic peak and end diastolic regions. This oscillation could result from the turbulent or undeveloped flow occurring in the ultrasonic field of the flowsensor. Figures 5, 6 , and 7 present the phase-averaged waveforms with their experimental uncertainty and the comparisons with the 1D numerical solutions. Overall, the pressure and flow waveform on both right and left side were almost identical since the vessel network is symmetric. Figure 8 presents the sensitivity study of the vessel compliance on the pressure and flow rate waveforms. It is observed that the compliance has a significant effect on the pressure and flow rate waveforms.
The computational results of the 1D model of the same configuration as the artificial model was evaluated by comparing the flow and pressure waveforms at thirteen selected locations within the flow network. about 21.72% in the diastolic runoff region. The comparisons of the flow rate waveforms show a good agreement between the 1D simulation and in vitro measurement. As can be seen from the flow rate comparisons in the L/R ICA-I, SA and L/R VA-I, there are oscillations at the systolic peak region observed in the numerical results. This phenomenon could result from the sudden area contraction from a large-diameter to a small-diameter of the tubing. Due to the insufficient tapering length of the connectors, a slight wave reflection to upstream was generated. As shown in Fig. 4 , major oscillations were observed in instantaneous flow waveforms, but this oscillation was smoothed out by the phase averaging. Overall, the main features of the pressure and flow rate waveforms can be reliably captured by the 1D numerical model. Figure 7 presents the pressure and flow rate comparisons of the experiment with the 1D model in 6 downstream vessels of the CoW model, including the L/R ACA, L/R MCA, and L/R PCA. It is demonstrated that the simulated pressure waveforms are capable of capturing the main characteristics obtained from the in vitro measurement data in the systolic region (between 0.25 and 0.69 s). Similarly, the 1D model under-predicts the pressure at the systolic upstroke (before 0.25 s) and over-predicts the pressure at the diastolic runoff (after 0.69 s) regions. The underprediction of flow at diastolic runoff was derived from the dicrotic notch produced at upstream arteries as shown in Figs. 5 and 6. However, in the experiment, the dicrotic notch was attenuated leading to a relatively smooth curve, as shown in Fig. 7 . The mean values of the pressure and flow rates of the simulated and in vitro experimental results were compared in Table 3 . Good agreement is noted from the flow rate comparisons, where the overall errors between simu- lated and measured results are much smaller than 1%. However, significant discrepancies of pressure comparisons can be observed in the upstream arteries including the main artery, CCA, SA, L/R ICA-I, and L/R VA-I. One such example is the maximum error of 35.30% obtained from the L/R ICA-I. Thankfully, the overall errors of pressure in downstream arteries are less than 10% including; L/R ACA-VI, L/R MCA-VII, and L/R PCA-VI. These notable differences between pressure comparisons derived from the 1D model and experimental model are attributed to the mismatches that occurred at the pre-systolic and the diastolic period. Figure 8 presents the changes in the pressure and flow rate waveforms in two selected vessels, LICA-I and LMCA-VII, induced by increasing and decreasing the entire Young's modulus of the vessels by 5 and 10 times. The Young's modulus reflects the stiffness of vessels, where higher stiffness results in increasing of the wave speed within the vessel network and the pressure pulse. 33 Pressure oscillations were observed when increasing the Young's modulus (decreased compliance), while flow oscillations were observed when reducing the Young's modulus (increased compliance). The pressure oscillations could result from the strong pressure wave reflection from the terminals. 33 Conversely, the low Young's modulus is able to decrease the wave speed, reduce the pressure peak, and weaken the strength of the pressure wave reflection. Similarly, with decrease of the Young's modulus, the increased blood volume causes a reduced peak of flow rate.
DISCUSSION
In the present research, an experimental study of flow through a silicone arterial network has been conducted to assess the accuracy of a 1D resistive boundary condition numerical approach. The comparison results of the pressure waveforms indicate that the 1D model is able to capture the main features occurred around the systolic peak region, whereas under-and overestimation can be observed at the presystolic and diastolic runoff regions, respectively. We have shown the flow rate waveforms can be measured from the upstream vessels and these same waveforms are accurately reproduced by the 1D model. However, discrepancies of the flow rate comparisons can be observed in the downstream arteries of the CoW. It should be noted that, in the experiment, the measurement results are different from the physiological ranges, for example high pressure values were observed in the CCA in Fig. 5 . This is because the measurement results were completely based on the experimental conditions, such as the length, diameter, and Youngs' modulus of the Tygon and silicone tubes. Therefore, the in vitro experimental pressure and flow rate waveforms cannot accurately reflect the physiological data and fall into the physiological ranges.
Some discrepancies between the numerical and experimental flow and pressure waveforms can be observed. The simplification of the 1D reduced-order model, with the assumption of a blunt velocity profile in the friction term in Eq. (4), could contribute errors as compared to the complex flow motion in the experiment (i.e. bi-direction cross-flow and flow separations). Swirling flow patterns were observed in 3D CFD simulations of blood flow in the CoW, and the unsteady pulsatile flow rate imposed as the inflow boundary conditions gave rise to alteration of the flow direction in the communicating arteries 4, 25 Additionally, the two types of tubes assembled in the experiment (Tygon and silicone tubes) could contribute in the discrepancies. The Tygon tube has a uniform wall thickness and elasticity, whereas these two parameters of the silicone model cannot be promised to be uniformly manufactured for the entire model, especially at junctions. The assumption of a constant elasticity and wall thickness for the silicone vessels were initialized in the 1D model probably resulting in undesirable errors. As depicted in Fig. 8 , the Young's modulus can alter the pressure and flow rate waveforms significantly.
Flow control valves were adopted to connect to the overflow reservoir which served as the outflow conditions in the 1D model. This single resistance could reduce the non-physiological wave reflection from terminals upstream in the 1D blood flow simulation. 3 Matthys et al. evaluated the effects of different 0D models on the upstream pressure and flow rate waveforms, including resistance-inductance and resistancecompliance-resistance. 21 The results indicated the adding of inductance can increase the oscillations in waveforms. However, the RCR model is able to reduce the oscillations and achieve a smooth curve due to Windkessel effect. 22 Even though the current 1D model is able to reproduce the in vitro pressure and flow waveforms, it is still challenging to predict the hemodynamics in vivo. First of all, the material properties of the current experimental silicone model differ from the physiological vessel wall properties. The dynamic behavior of the silicone model is linearly elastic and relatively isotropic. Conversely, the physiological vessel wall properties exhibit a nonlinear elastic dynamic behavior, where the slope of the stress-strain relationship changes with the deformation of the elastin and collagen during systole. 8 Ghigo et al. stated that the dynamic response of the arterial wall also related to the blood properties, increasing the difficulty of determining accurate arterial wall properties. 12 On the other hand, the surrounding tissues can also affect the hemodynamics of blood flow by reducing the wall strain and stress to restrict the radial deformation of the arterial wall. 21 Failing to account for the nonlinear dynamic behavior of the vessel wall due to the physiological wall properties and surrounding tissues in the 1D model could cause high pressure pulse and oscillations. 8, 28 The viscoelasticity model is able to reduce the errors between the numerical and experimental results particularly on damping peripheral oscillations by considering the vessel wall viscosity. 1, 23, 24, 28, 36 Tuning the viscoelasticity for specific vessels and terminal resistance at the outflow boundary can aid in improving the simulation results as compared to the in vivo data. 29 Overall, the further experimental study and improvement of the numerical modeling are required to improve the comparison results through improving the uniformness of the wall thickness and elasticity of the model within the entire flow network. In the meantime, considering the effects of the viscoelasticity model in the numerical model may further improve the accuracy of the prediction of in vivo data.
Our greatest limitation of the current work is the unavailability of the flow characteristics in the silicone CoW model due to its limited space, such as bi-direction cross-flows occurred along the communicating arteries. 8 A better understanding of these flow behaviors could aid in our evaluation of the shunting within the variations of the CoW and further assess the accuracy of the 1D approach. Moreover, a single resistance component adopted at the terminals of the experimental flow network could cause non-physiological reflections upstream resulting in wave oscillations. This effect was demonstrated in measured flow waveforms, but not found in pressure profiles. The influence of different terminal boundary conditions on the pressure and flow waveforms will be investigated in future studies, especially the three elements RCR boundary conditions. On the other hand, the imposed terminal resistance obtained in the experiment accounted for the total resistance of the entire vessel network. The significant curvature of the experimental vessels may increase the local resistance resulting in local flow alterations, and this effect wasn't considered in the 1D model and could be a reason to cause the discrepancies in flow comparisons. Lastly, the nonuniform manufactured wall thickness of the silicone model is an admitted limitation causing difficulties on quantifying the inner luminal dimensions to input as initial parameters for the 1D model. Consequently, significant discrepancies in flow and pressure comparisons were observed in efferent vessels. Collectively, an accurate prediction of the pressure waveforms within the compliant CoW model is difficult. Our most notable finding is the quantitative mean flow rates through all measured arteries can be precisely predicted by the 1D model.
APPENDIX 1: THE MEASUREMENT OF THE VISCOSITY OF THE WORKING FLUID
To measure the viscosity of the working fluid, a falling sphere method was used. The relationship between the viscosity of the working fluid and the terminal velocity of the sphere can be determined as l ¼ 2gr 2 s ðq s À q l Þ=9u t , where l is the viscosity of the working fluid, g is acceleration due to gravity (a fixed value of 9.8 m s 22 ), r s is the radius of the sphere, q s is the density of the sphere, q l is the density of the working fluid, and u t is the velocity of the sphere. Briefly, in a graduated cylinder, a sphere was allowed to fall between a certain distance with marked positions at the top and bottom through the working fluid. A stopwatch was used to record the time during the sphere falling through the marked distance and its velocity was determined. The density of the sphere and working fluid was measured by dividing the mass by the volume. With having all the parameter values, the viscosity of the working fluid can be computed by the above equation.
APPENDIX 2: PHASE-AVERAGING METHOD
The 150 measurements were split into individual waveforms by defining a reference point to distinguish each complete cardiac cycle. The reference point was chosen at the middle point of the rising edge of waveform to ensure the accuracy of the alignment of waveforms, because less fluctuation was observed in this region. The time scale for each waveform was normalized by dividing by its time interval for phasebased averaging. For pressure curves, the individual pressure waveform was end-diastolic aligned in the time domain for averaging.
